Introduction
The T1 spin-lattice relaxation time is a fundamental property in magnetic resonance physics. In simple systems, like aqueous ionic solutions, a single T1 time constant accurately describes the relaxation of the longitudinal magnetization component. Despite many caveats, the general idea has proven extremely useful when applied to complex systems, including living tissue. In particular the applications of spatially resolved T1 mapping have over the last decade evolved into a powerful approach for myocardial tissue characterization [1] . The biomarkers derived from T1 mapping have been widely validated in clinical studies for indications where myocardial tissue remodeling represents an important aspect of the underlying pathology. This rapid rise to prominence in the field of cardiac magnetic resonance (CMR) would not have been possible without a slew of technical developments that addressed the challenges in measuring and displaying T1 in the heart. That these technical enhancements were of critical importance can be judged by the fact that T1 effects of ischemia, edema and loss of viability in myocardial tissue were recognized since the inception of cardiac MRI [2] [3] [4] . T1 measurements have been used for stationary organs like the brain, yet cardiac T1 mapping only took off after some key technical advances had been made. CMR users now have various techniques for T1 imaging/mapping at their disposal, though these techniques do not necessarily provide T1 values in close agreement. In fact, the quest for technical advances has led to the realization that there is a close interaction between T1 as tissue property, and the technique that is used for its measurement. It therefore stands to reason that proper tissue characterization by T1 mapping requires an understanding of the techniques being employed. The goal of this article is to provide an Abstract Novel tissue biomarkers based on the spinlattice relaxation time T1, a fundamental property in the theory of magnetic resonance physics, have emerged as a new approach for myocardial tissue characterization with many validated clinical applications. This article is intended as an overview of the physical and physiological mechanisms underlying the interpretation and the accuracy of any practical measurement of T1, or derived biomarkers such as extravascular volume fraction, and also includes a discussion of potential pitfalls. Numerous caveats und knowledge gaps related to the precise interpretation of T1-based biomarkers remain, which are being addressed incrementally through ongoing research. Equally important, further careful standardization will pave the way for a wider clinical translation of these novel T1-based biomarkers of tissue remodeling, which have been well validated for their sensitivity to pathophysiological changes, though for the most part in singlecenter studies.
Keywords T1 · Myocardium · Relaxation · Fibrosis · Extracellular matrix 1 3 overview of the evolution of T1 mapping technology, concentrating in particular on the pitfalls of the most commonly used clinical techniques and their use as markers of particular pathophysiological changes.
Theoretical basis for T1 estimation
T1 measurements refer to the process of determining the characteristic time for magnetization recovery after application of a radio-frequency (RF) pulse that changes the spin magnetization from its equilibrium state. In its purest form, both magnetization preparation and read-out of a signal are repeated for a series of time points after the magnetization preparation, with proper time left between repetitions to ensure that before each magnetization preparation the spins have returned to their equilibrium state. In practice, an inversion pulse (180°) or a saturation pulse (90°) are most frequently used to change the magnetization away from its equilibrium state. The evolution of the longitudinal magnetization component (M z ) after changing the magnetization from its equilibrium state is described by an exponential function of time:
The parameter A describes the equilibrium magnetization, parameter B the initial effects of the RF preparation pulse, and t is the time elapsed since the magnetization preparation pulse. The variable "t" is traditionally labeled as TI for inversion and TS for saturation-prepared measurements. Equation (1) provides the standard basis for T 1 estimation, which involves measuring a quantity proportional to the longitudinal magnetization component at various time points after the RF preparation pulse in order to fit the parameters to the observed data. Given that MR relies on relatively small signals, the inversion preparation has traditionally been used to obtain the widest signal range, which improves the robustness of the T1 estimate. With the exception of the perfect saturation, the accuracy of T1 estimation can be affected by the spin history from prior measurements. For the magnetization to return to 99% of its equilibrium value after an inversion, requires a time on the order of 4-5 × T1. The physiological range of native T1 values is on the order of seconds, and the accurate measurement of native T1's therefore requires a time on the order of minutes, using the early spectroscopic techniques [2] . Scaling this up to an imaging study with ~200 phase-encoding steps can add up to hours, which is impractical for phantoms and not feasible for in-vivo applications. Thus methods were required for acceleration [5] .
Segmented look-locker T1 imaging
An approach for speeding up T1 measurements was developed by Look and Locker [6] long before MRI was introduced. With addition of k-space segmentation the eponymous technique allows T1 imaging that is sufficiently fast [7, 8] to fit within a tolerable breath-hold duration. A train of low flip angle gradient-echo read-outs, or read-outs during steady state precession, after an inversion pulse (Fig. 1a-b) was the most common form of Look-Locker imaging of the heart [9, 10] . The images are reconstructed from multiple k-space segments, each acquired during a different heart-beat and at a pre-defined time-point after inversion (i.e. TI value). This approach gives relative high temporal resolution for TI, but reconstructed images fall into different cardiac phases, resulting in a cine sequence of IR weighted frames (Fig. 1c-f ). Equation 1 assumes that one and the same pixel location is sampled for different TI values. The Look-Locker technique works well for static pixels, but measuring the T1 of moving tissues, such as in the left ventricular wall requires tracking the relevant tissue across images (Fig. 1g ). For cardiac applications of the Look-Locker technique, T1 was therefore generally only quantified for myocardial segments, rather than particular pixels within the myocardium, as the former can be tracked more easily than a single pixel location. The TI range in Look-Locker acquisitions is typically limited to 1-2 heart-beats, and k-space segment weighting can vary somewhat depending on the spin history preceding each inversion pulses, e.g. due to incomplete relaxation of longitudinal magnetization. Some of these aspects are illustrated in Fig. 1c , h. The segmented acquisition can lead to the usual subtle ghosting in case of arrhythmias and missed R-wave triggers [11] ; artifacts related to the long T1's have also been reported [10] . A characteristic feature of all Look-locker acquisitions is that the M z recovery is affected by the train of RF pulses applied for data-readouts. The recovery follows an effective T1* that is shorter than T1, and M z recovers towards an equilibrium state with A < fully relaxed M z , i.e. lower than for the undisturbed inversion recovery. The extent of readout saturation depends on readout type, flip angle, and repetition rate [9] . T1 can be recovered from T1* using an approximation originally proposed for fast, low angle "shot" (FLASH) image readouts with inversion preparation [12] :
where A, and B correspond to the equally-named parameters in Eq. (1).
T1 mapping using fast single shot image acquisitions
With advances in MR imaging acceleration it has become possible to acquire in a single shot a high resolution image, that is relatively unaffected by cardiac motion. "Single shot" means that all phase-encoding steps are carried out in rapid succession without interruption, typically taking 100-200 ms per image. With an adequate magnetization preparation, this single-shot approach has been proposed to sample M z relaxation. For T1 mapping, multiple images are acquired within a single breath-hold at pre-designated cardiac delay times to freeze cardiac motion [13] . In order to improve the SNR and minimize disturbance of the inversion recovery, the image read-outs are based on steady-state free precession. This ground-breaking work by Messroghli et al. [13] led to the most successful clinical T1 mapping approaches currently used, enhanced by further optimized read-out schemes, and also pointed to the potential of using a saturation preparation to limit the heart-rate dependencies in the measured T1. Messroghli Fig. 1 Illustration of T1 measurement using prospectively triggered segmented Look-Locker sequence with indication of its limitations. a ECG signal to trigger. b RF 180° inversion pulses followed by smallangle readout pulses. c Evolution of the longitudinal magnetization (in static tissue) over several heart beats. Solid lines correspond to LL-accelerated recovery governed by the effective T1* relaxation time due to the influence of the read-out pulses. Dotted lines demonstrate the natural unobserved and undisturbed evolution of M z . d Effective inversion times within each heart beat. e Readout segmentation method for accrual of adequate k-space for each TI. f Combining and reconstruction of g Inversion-recovery-weighted cine images.
Modified look locker inversion recovery (original MOLLI)
Red circles indicate motion of myocardial wall between images that requires correct tracking of the image intensity. h Calculation of image signal intensity (SI) involves combination of several k-space segments [colored rectangles in (e)] with similar TIs but slightly different spin history accrued between heart beats: bracket shown for the first SI(TI) only. i This results in magnetization magnitude samples as discrete points representing SI(TI) in each pixel, and requiring polarity restoration before fitting to Eq. 1. j T 1 * (represented as the initial slope of the exponential recovery) is fitted to the observed relationship by non-linear optimization algorithms followed by technical optimization of various acquisition parameters [15] , and first applications in patients [15] . The original MOLLI acquisition principles are presented in Fig. 2 . Briefly, there are three inversion preparations which shift the inversion pulses by a pre-set amount relative to the single shot image acquisitions at a fixed time in the cardiac cycle, that follow each inversion pulse (Fig. 1a, b) . Each group of inversion pulse, image read-outs, and rest period for relaxation recovery is termed a Look-Locker cycle. The MOLLI scheme shown in Fig. 2 is referred two as a 3(3)-3(3)-5 scheme, because the Look-Locker cycles involve in the order shown in Fig. 2 , acquisition of 3, 3, and 5 images after each inversion, separated by three heart-beat long unperturbed recovery epochs after the first and second inversions. Figure 2c , e demonstrates that the magnetization undergoes rapid changes during the readouts, and an undisturbed relaxation recovery governed by T1 between readouts. The relatively long unperturbed recovery periods after each Look-Locker cycle allow M z to return to equilibrium before the next inversion recovery cycle. This permits to combine the acquired data into a single inversion recovery curve with an effective relaxation constant T1* (Fig. 2e) . MOLLI uses SSFP readouts with relatively large flip angles (50° originally) [14] . Given the relative sparsity of image acquisitions between heartbeats (and ramp up and down pulses, not shown for simplicity) the effective T1* MOLLI is only moderately shorter than T1, which allows relatively accurate correction using Eq. 2, even though Eq. 2 was proposed for much lower flip angle FLASH acquisitions [14, 16, 17] . In contrast to LL experiments, the images of the heart appear frozen in a single cardiac phase (Fig. 2d) . The downside is that the data acquisition underlying each image extends for a relatively long period of the heart cycle, (Fig. 2b) . IR weighting in k-space (Fig. 2c, 
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The original single breath-hold Modified Look Locker Inversion recovery (MOLLI) acquisition with a scheme involving three magnetization inversions. a ECG triggers for freezing image acquisition at a preset cardiac delay TD time. b Inversion preparations define three experiments ("Look-Locker cycles"). Images are acquired at inversion times starting from a preset TI min and incremented by RRinterval within each experiment. TI values are offset by TI inc between experiments. Each experiment is followed by a relatively long pause. c M z evolution is a combination of unobserved free recovery (T1), and Look-Locker conditions much shorter T1* LL and lower equilibrium ("A" in Eq. 1, hence the recovery may be directed counterintuitively downwards, as shown). Note that for long T1, M z may not return to equilibrium (M z < 100%) before an inversion. d Reconstructed magnitude images. e Fitting of individual pixel data into the MOLLI effective relaxation time T1*. For each pixel only one value of intensity is used (Black circles). Each individual point arises from a transformation of k-space signal trajectories of M z recovery during the relatively long acquisition of each single shot, high resolution image particular for shorter TI's. Figure 2c also demonstrates that for longer T1, or higher heart rates, the three heartbeat recovery epochs are not necessarily adequate for M z to fully return to its equilibrium state, so that the 2nd and 3rd inversion experiments start with a progressively larger bias to underestimate the parameter B in Eq. 1. This causes small misalignments between the fitted data ( Fig. 2e) , the main source of the heart-rate dependent underestimation for longer T1's [15, 18, 19] . The large-flip angle readouts were later decreased to 35° [15, 20] , which may in good part be due to factors unrelated to the Deichmann-Haase correction, and instead to effects like magnetization transfer (MT; see below for details on MT effects on T1). The downside of the original 3(3)-3(3)-5 MOLLI scheme is the relatively long breath-hold, with the longest Look-Locker cycle at the end, which may contribute to its reported sensitivity to patient motion [21] .
Short variants of MOLLI and their tradeoffs
Eventually the problem with long breath holds was addressed [18] and multiple shortened versions of MOLLI offering various trade-offs followed soon [19, 22] . Shortened MOLLI (ShMOLLI) introduced the idea of acquiring most samples at the beginning of the breath hold (front-loading), and of reducing the acquisition time by a deliberate choice of short recovery periods that are inadequate for longer T1's. The effects of overly short recovery periods for longer T1's are bypassed with ShMOLLI by a conditional reconstruction algorithm to choose only samples for the reconstruction [18] such that T1 can be estimated without bias from sub-optimally recovered data. Reducing the breath hold duration seems to compensate for the lower sample number, with the added benefit of a relatively accurate estimation of T1, independent of the heart rate [18] . For native T1 estimation, ShMOLLI relies mostly on the first 5 samples, and conditional processing will remove any subsequent samples that do not adequately fit Eq. 1. However, as illustrated in Fig. 3 , ShMOLLI lacks the significant data redundancy inherent in the use of multiple longer Look-Locker cycles, which makes ShMOLLI more sensitive to missed ECG-triggers, in particular when the 2nd trigger signal (ECG signal for 2nd Look-Locker cycle) is missed (Fig. 3a) . An alternative proposal to shorten the acquisition was to remove one of the Look-Locker cycles from the original MOLLI scheme resulting in a shorter 3(3)-5 scheme, an approach introduced in the so-called "11-hb MOLLI" [19] , where "hb" stands for "heart beat". The shorter 11-hb MOLLI technique is characterized by similar dependencies on T1 and heart rate as the original 17-hb MOLLI scheme [19] . Front loading (i.e. using a 5(3)-3, instead of a 3(3)-5 scheme) was proposed shortly afterwards to reduce heart rate dependency [23] . Reducing the number of short TI samples however has a negative impact on the estimation of shorter T1's, as illustrated in Fig. 4 . This problem was addressed by keeping the number of Look-Locker cycles at 3 as in the original MOLLI scheme, but reducing the number of samples in the Look-Locker cycles and shortening the rest period in some Look-Locker cycles. This was first implemented as a 12-hb, back-loaded 2(2)-2(2)-4 MOLLI variant [22] , and followed shortly thereafter by another 11-hb front-loaded 4(1)-3(1)-2 MOLLI variant [24] . The two MOLLI schemes have recovery periods as . a evolution of longitudinal magnetization M z demonstrating the implications of a missed trigger in the second heart beat. b data used for conditional fitting demonstrate areas where M z is sampled sub-optimally (grey areas). Lack of data from the second heart beat range affects robustness of estimates and may lead to erroneous inclusion of 2nd heart-beat data into reconstruction resulting in artificial underestimation of T1. Advice is to optimize ECG signal quality, listen to regular acquisition pattern and check fit quality maps. Conditions are exaggerated to make the effects visible to the naked eye 1 3 short as ShMOLLI, but were proposed without the conditional reconstruction that prevents underestimation of long T1's (Fig. 5) . Potentially, the conditional reconstruction can be applied to other shortened MOLLI schemes pending careful optimization. Currently, care needs to be taken to avoid inadvertent application of any MOLLI variant optimized for post-contrast measurement of shorter T1's to measurements of longer (native) T1's. For any postcontrast interpretation of T1 in some structures, such as cysts, one may also need to take into account that contrast delivery was severely restricted, T1 still relatively long after contrast injection, and therefore one needs to check that the MOLLI variant used does not introduce a bias to underestimate those longer T1's.
Saturation prepared T1 mapping
While T1 mapping is possible with any preparation pulse [7] , using a perfect saturation pulse has the distinct advantage of resetting the spin-relaxation history, i.e. creating a magnetization state that is independent of any prior magnetization evolution. The saturation preparation was recognized early on as a way of limiting heart-dependence in T1 estimates [13] . The flexibility of this approach was demonstrated first by Song et al. [25] , followed by a practical implementation suitable for clinical applications under the name of SAturation recovery single-SHot Acquisition (SASHA) [26] . In contrast to MOLLI, SASHA demonstrates less sensitivity to heart rate, magnetization transfer effects, and myocardial T2 mapping. a evolution of M z for very short T1 and b fitting T1* demonstrates the relative lack of information for short T1 (gray shaded area) and unnecessary over sampling of long TI range, which make the variant sub-optimal to study post-contrast conditions and short T1 species such as fat. Conditions are exaggerated to make the effects obvious to the naked eye b a Fig. 5 Modern front-loaded 4(1)-3(1)-2 MOLLI variant for post-contrast T1 mapping. a evolution of M z for long T1 species demonstrates the narrower range of inversion times and potentially large effects of sub optimally short recovery periods. b fitting T1* shows poor overlap between the data from first and the subsequent IR experiments underlying potentially severe T1 underestimation for long T1 species, which may affect tissues that take up contrast slowly or not at all (e.g. microvascular obstruction and cysts, or when applied by mistake in pre-contrast settings). Conditions are exaggerated to make the effects obvious to the naked eye [26, 27] . The original paper thoroughly discussed the errors arising from breaching assumptions of perfect saturation and noise-free image acquisition, with much ongoing work continuing to address practical imperfections of SASHA and their impact [28] [29] [30] . Practical comparisons indicate that SASHA produces higher but less precise T1 estimates than MOLLI [31] [32] [33] . Recent experimental evidence confirms the relatively small T2-and magnetization-transfer-related errors for SASHA T1 estimates in comparison to T1 measured with IR-TSE in ex-vivo heart tissue [34] . Figure 6 demonstrates the compounding effects of suboptimal saturation and irregular ECG triggering.
Facts and myths in the interpretation of T1 measurements Longitudinal magnetization relaxation mechanisms in native T1
T1 as a single relaxation parameter is adequate for most uniform materials where all MR visible nuclei tumble in a manner that can be characterized by similar correlation times [35] . Under these conditions, the BPP (BluembergenPurcell-Pound) theory explains well the temperature and frequency dependencies of the relaxation times in fluids of various viscosity up to the point where they become solids. But BPP theory has long been recognized as inadequate for even simple macromolecular solutions that exhibit compartmentalization of molecular pools visible to MR [36] . Living human tissue is characterized by even more complex interactions involving multiple scales of chemical, structural and functional detail, with each subunit characterized by its own molecular milieu and respective range of relaxation times. As such, both theory and modern NMR relaxation experiments can directly reveal the presence of multiple tissue sub-spaces with characteristic T1/T2 relaxation time combinations, that all change in response to physiological derangements [37] . This precludes defining any particular in-vivo T1 relaxation time estimate as an inherently accurate representation of the underlying relaxation process, but instead suggests that different T1 measurement techniques provide different views of the underlying relaxation processes.
Native T1: effects of magnetization transfer and vascular state
Prior studies of 1H relaxation in collagen rich cartilage provide some valuable insights for the interpretation of myocardial T1 as a measure of interstitial fibrosis. Dense tissue components, such as collagen, have extremely short T2 relaxation times (≪1 ms), which means that the pool of spins bound to collagen fibers is not detected by standard imaging sequences, except those dedicated to ultra-short echo-time (UTE) imaging [38] . Nevertheless, this "dark" (i.e. generally not MR visible) pool of spins, can still exert a powerful effect on the relaxation of more mobile 1H spins that contribute to the measured MR signal through the transfer of magnetization from one pool to the other (e.g. through magnetic dipole interactions). The magnitude of magnetization transfer effects depends on the amount of radio-frequency power received by the dark pool of spins (with a relatively very broad distribution of resonance frequencies, alas a very short T2), the size of the dark-spin pool, and a b the strength of the nuclear-spin energy coupling underpinning the MT. Both constituent macromolecules and collagen lead to MT effects in cartiladge [39] . Along with the abovementioned departures from BPP theory [36] , the direct study of collagen indicates that water content has similar effects on T1 and T2 [37, 40] . Thus, it is not realistic to expect that sequences for native T1 mapping can readily quantify interstitial fibrosis, without confounding by other factors. It is likely that observed in-vivo T1 increases are linked to a proxy effect of fluid accumulation in fibrotic tissue, a process shared with many other pathologies such as infarction. Recent research also reveals the important role of water in the intravascular space on tissue T1, which can change with vascular tone and vasodilation [41] . MOLLI techniques also show sensitivity to T2 [27] , which may cause some blood-oxygen-level-dependent (BOLD) changes to T1 under adenosine stress [42] [43] [44] . Conversely, for high interstitial protein or paramagnetic content overloading conditions characterizing states with lower native T1, such as Fabry's disease and tissue iron overload, concurrently lower T2 values and a stronger MT may further enhance the pathological decrease of native T1 measured by MOLLI, and in particular in the presence of readout saturation effects and inversion pulse deficiencies [30] .
Post-contrast T1 mapping and extracellular volume quantification
Contrast administration is one of the major tools to selectively manipulate the relaxation times and provides the basis for some of the most ubiquitous CMR techniques [45] . In the case of simple fluids, the addition of contrast agents is easiest to understand using the R1 relaxation rate, an inverse of the relaxation time, and the concept of contrast-relaxivity. In terms of relaxation rate, the effect of a contrast agent on R1 can be expressed as a linear function of concentration [C] with the contrast relaxivity r 1contrast as linear coefficient:
The initial interest in cardiac T1 mapping was to a considerable degree motivated by the goal of detecting changes in the extracellular volume fraction. It is well documented that in diseases such as aortic stenosis, the pressure overload of the left ventricle leads to a buildup of connective tissue in the interstitial space and an expansion of the extra-cellular volume (ECV) fraction, with biopsy findings correlating with ECV measures [5, 46] . In this context, it is useful to emphasize that the ECV fraction does not increase as a result of the cardiomyocyte hypertrophy alone. The process of physiological hypertrophy, e.g. hypertrophy associated with the normal growth of the heart does not lead to interstitial fibrosis,
and consequently the ECV-a volume fraction-does not change significantly between adolescence and early adulthood. In contrast, pathological hypertrophy is associated with interstitial fibrosis, and capillary rarefication which leads to a shift in balance between extra-and intra-cellular volumes, and an increase of the ECV fraction. In mouse models of LV pressure overload, the initial response of the myocardium manifests itself by an increase of cardiomyocyte size, without a significant increase of ECV, and only when the pressure overload leads to the built-up of connective tissue in the interstitial space does ECV increase significantly [47] . The complement of ECV, namely 1-ECV, which corresponds to the intra-cellular volume fraction, is by itself not a good marker of cardiomyocyte hypertrophy, though the product of (1-ECV) with LV mass can be used to assess changes of cardiomyocyte volume in the LV.
Many MR contrast agents are extra-cellular contrast agents to limit their potentially toxic effects, and the volume of distribution of these contrast agents can therefore serve as a measure of the ECV fraction. If one assumes that the contrast agent reaches a uniform distribution in the extra-cellular space, then it is possible to estimate the extra-cellular volume fraction from the change in myocardial R1 between a pre-contrast measurement and a postcontrast measurement. This myocardial R1 difference is normalized by the change of R1 in blood, as the latter serves as a reference with a volume of distribution that corresponds to 1 minus the blood hematocrit (Hct) fraction. This leads to the standard definition of ECV that is used in CMR to quantify the extra-cellular volume fraction from pre-and post-contrast T1 measurements in blood and myocardium.
The respective relaxation rate changes in the numerator and denominator of Eq. (4) may depend on the technique used to measure them, predictably resulting in differences in the derived ECV, e.g. between MOLLI and SASHA [48] .
The derivation of Eq. (4) for ECV assumes that Gd concentration is in equilibrium between compartments marked by thick dashed outline in Fig. 7 . It also assumes that mobile 1H nuclei are exchanging rapidly between the intra-and extra-cellular spaces, as the tissue relaxation rate is then a linear function of the blood R1. The qualifier of "rapid" for the water exchange refers to the rate of water exchange relative to the difference in intrinsic R1's between interstitial and intra-cellular spaces. This means that by increasing this difference in intrinsic R1 rates by administration of contrast one can move from the fast exchange through the intermediate, to the slow
exchange regime. In this latter case, the myocardial R1 no longer changes linearly with the R1 measured in blood (as surrogate marker for the plasma R1 in the tissue), and the rate of exchange of water between the interstitial and intra-cellular spaces becomes the effective bottleneck for increases in the tissue relaxation rate. The resulting sublinear dependence of R1 in tissue on the plasma R1 can result in an underestimate of ECV. In addition, analysis of the sub-linear dependence of the tissue R1 can be used to estimate the rate of water exchange, which is a surrogate marker of cardiomyocyte size [47] . The effect of the water exchange rate for the dependence of the myocardial R1 on the R1 of blood is illustrated in Fig. 8 . The possible effects of water exchange mean that the application of the method embodied by Eq. (4) for estimating ECV should use post-contrast T1 measurements where conditions of fast-exchange between intra-and extra-cellular spaces apply. Otherwise, the myocardial relaxation rate R1 will be lower than predicted by the fast-exchange model, and in practice this means that ECV is underestimated. Of note, the conditions of fast-exchange are most likely not to apply after contrast administration with increasing cardiomyocyte size, meaning that ECV is more likely to be underestimated in case of ventricular hypertrophy, compared to normal conditions [49] . A delay of ~15 min after injection of single-dosage of Gd-contrast is generally sufficient for getting a measure of ECV that is unlikely to be affected by slower than expected 1 H exchange [1] . Based on what can be inferred from compartmental tracer-kinetic models used for analysis of first pass perfusion studies, one can expect that the contrast-concentrations equilibrate between the extra-and intra-cellular spaces in viable myocardium within 3-4 min after contrast injection. The condition of being in the fast-exchange limit is therefore the more demanding one in terms of the required delay between a single-dose contrast injection and the post-contrast T1 measurements used for estimating ECV with Eq. (2). Still, it is also possible to fit the relation between myocardial R1 and blood R1 with a model that considers the rate of 1H exchange, though it is more complex than (2) , and requires at least three postcontrast T1 measurements to determine the unknown model parameters including the intra-cellular lifetime of water [47] .
The finding that native T1 reflects the myocardial vasodilator state led to the realization that stress would also affect ECV [41] , with early evidence showing a moderatestrength correlation between ∆T 1 (change for native T1) and the change of ECV between rest and stress, respectively [50] . The authors attributed the increase of the extra-cellular 7 Simplified model of the compartments carrying the Gd-contrast used for LGE and ECV estimation. Note that the intra-myocardial blood pool plasma is integral part of LGE contrast and ECV measurements (dashed outline), which are thus expected to be sensitive to vasoreactive challenges Fig. 8 The R1 relaxation rate in myocardial tissue increases linearly as a function of the simultaneously measured R1 relaxation rate in blood if conditions of fast 1H exchange across the cardiomyocyte membrane apply. Fast exchange (FX) conditions apply when the difference between the intrinsic extra-and intra-cellular relaxation rates is small compared to the 1H exchange rate, i.e. at lower contrast Gd contrast concentrations in blood. Under these conditions the relaxation rate in tissue increases approximately linear with the concentration R1 relaxation rate of blood (dashed line), with the slope giving the partition coefficient for Gd in myocardial tissue, a prerequisite for ECV. At higher contrast concentrations the R1 relaxation rate of tissue shows a sub-linear dependence on R1 in blood, with the deviation from the dashed line (for fast exchange limit) becoming a function of the exchange rate, or the intra-cellular lifetime of water. The data shown in the graph were acquired in a mouse model of pressure overload and show a significant increase of the intra-cellular lifetime to 250 ms, above its normal range, as a result of cardiomyocyte hypertrophy volume fraction between rest and hyperemia to an increase of myocardial blood volume, which contributes to the extracellular volume fraction. Any discussion of such points needs caution, as the simple two-compartmental blood model in Fig. 7 represents a drastic simplification, and the interpretation of ECV generally neglects the recognized dependencies of hematocrit [51] , and vascular reactivity [52] on the vessel-size.
Synthetic ECV
An estimation of ECV based on Eq. (4) requires that the blood hematocrit be known. Though the administration of contrast already creates the need for intravenous access, obtaining a blood sample and determining hematocrit (Hct) imposes an additional burden. An alternative approach, proposed by Treibel et al. [33] is based on estimating Hct from the pre-contrast T1 of arterial blood. In a two-compartment model with fast exchange of water between plasma and cytoplasm, the R1 of the whole blood can be described as weighted average of the R1's for erythrocytes and plasma, where the erythrocyte fraction is a function of the blood hematocrit [53] . The resulting relationship between blood R 1 and Hct is well approximated by a linear equation: R 1 = a·Hct + b, where a and b are empirical constants that vary by field strength and sequence type [53] . Treibel et al. inverted this relationship and used it to predict Hct from the measured native blood R1. The estimate of ECV obtained with this blood-T1-based estimate of Hct is now commonly referred to as "synthetic ECV". Treibel et al. found that synthetic ECV correlates well with conventional ECV, without introducing a bias. The calibration equations derived by Treibel et al. for T1 measurements with MOLLI and shMOLLI at 1.5 T also predict the observed differences of ~100 ms in T1 between male and female adults [54] using average hematocrits of 0.41 and 0.38 respectively. As a note of caution, it should be pointed out that different equations are presented in this work for two selected MOLLI variants (Siemens MOLLI and ShMOLLI). Indeed, slight variations between MOLLI techniques may be a reason why recent small independent validations show relatively poor performance for the individual Hct estimates, even though average Hct and ECV are less affected [55] [56] [57] [58] .
Summary and conclusions
Myocardial T1 mapping has emerged in the last few years as a powerful approach to myocardial tissue characterization. Native T1 and myocardial ECV have been validated as robust biomarkers in numerous cardiac pathologies, and may provide unique advantages for non-invasive therapy monitoring. This overview includes a summary of pitfalls and gaps in the understanding of the physical and physiological mechanisms underlying the interpretation and accuracy of any practical measurement. Still, the lack of a comprehensive pathophysiological mechanistic framework should not be considered a barrier to the ongoing clinical translation of selected methods positively validated for their sensitivity to disease.
